ABSTRACT This paper reports a wireless passive resonator architecture that is used as a fiducial electronic marker (e-marker) intended for internal marking purposes in magnetic resonance imaging (MRI). As a proofof-concept demonstration, a class of double-layer, sub-cm helical resonators were microfabricated and tuned to the operating frequency of 123 MHz for a three T MRI system. Effects of various geometrical parameters on the resonance frequency of the e-marker were studied, and the resulting specific absorption rate (SAR) increase was analyzed using a full-wave microwave solver. The B + 1 field distribution was calculated, and experimental results were compared. As an exemplary application to locate subdural electrodes, these markers were paired with subdural electrodes. It was shown that such sub-cm self-resonant e-markers with biocompatible constituents can be designed and used for implant marking, with sub-mm positioning accuracy, in MRI. In this application, a free-space quality factor (Q-factor) of approximately 50 was achieved for the proposed resonator architecture. However, this structure caused an SAR increase in certain cases, which limits its usage for in vivo imaging practices. The findings indicate that these implantable resonators hold great promise for wireless fiducial e-marking in MRI as an alternative to multimodal imaging.
I. INTRODUCTION
Magnetic resonance imaging (MRI) has been attracting increasing interest for the localization of implantable devices (e.g. subdural electrodes). Although the soft tissue contrast of MRI [1] makes it the strongest tool among other imaging modalities (including X-ray, CT, and PET), the positioning of devices under MRI requires special treatment, such as employing wired connections [2] - [4] and [5] , introducing MRI marker materials [6] - [10] and [11] using wireless passive devices with inductive coupling [12] , [13] .
Using wired connections to electrically reach implanted devices under MRI is limited to interventional applications [14] and comes at the cost of increased radiofrequency (RF) heating risk [15] . Using 1 H-containing MRI visible marker materials such as bearings [6] , [7] , vitamin-E capsules [8] and dyes [9] , [10] , has other disadvantages, including physical attachment to the imaged object, size and non-adjustable relaxation parameters. These markers typically have sizes of several mm in three dimensions, which limits their in vivo usage for most clinical applications, such as subdural electrode marking. Additionally, once they are manufactured, the longitudinal (T1) and transverse (T2) relaxation times of these markers will be constant, and their visibility will strictly depend on the MRI parameters, including repetition time (TR) and echo time (TE). This may limit the imaging methods; hence, additional scans with proper TR and TE values should be performed for marking of fiducial devices. Simultaneous imaging of marking materials and anatomical features is critical to achieve better registration accuracy [16] .
In addition to these methods, multimodal imaging is also used to mark the locations of the subdural electrodes [17] - [20] . However, the registration of images that are acquired from different platforms results in reliability problems due to larger positioning errors typically ranging from 1 to approximately 3 mm [21] , [22] . In addition to the reliability problems, switching the patient from one platform to another also decreases the patient's comfort and increases the risk of inflammation. The ability to image implantable devices using only MRI will avoid the need for multimodal imaging platforms, which will result in improved clinical practice.
The use of wireless resonant devices is potentially highly promising for marking implantable devices without requiring multimodal imaging. MRI performance of these wireless markers is loosely dependent on the imaging parameters (TR, TE and resolution). However, the use of e-markers requires novel resonator designs for proper operation. Physical dimensions of these markers together with RF safety concerns should be considered for the surrounding tissues [15] . Decreasing RF power is a good practice to prevent patients from the harmful effects of RF exposure, but this undesirably leads to a lowered signal-to-noise-ratio (SNR) on the acquired MRIs and decreases the reliability of images for diagnoses, especially for regions with lower proton densities.
In this work, we designed and demonstrated an innovative structure that alleviates the potential complications of the previous works in the literature and can be used as a wireless MRI marking device for potential in vivo studies, such as marking subdural electrodes. Here, we address the scientific challenge of achieving a low footprint area and high Q-factor simultaneously for a 123 MHz self-resonance frequency. As a proof-of-concept demonstration, we achieved an 8 mm × 8 mm footprint area with a free-space Q-factor of approximately 50 for the given operational frequency. Here, we also report the simulation results of the specific absorption rate (SAR) increase in the brain. Ex-vivo MR images support that the proposed architecture is an excellent candidate for wireless electronic markers (e-markers). This may create new possibilities for next-generation implants that contain integrated wireless e-markers. 
II. THEORY
The proposed e-marker architecture, illustrated in Fig. 1 , is a thin film loaded double-layer helical structure that can be fabricated in its multilayer form or in the form of incomplete turns. Instead of stacking independent split-ring resonators (SRR) among different layers [23] , this structure combines them with a proper via metallization to increase the effective inductance (L eff ), and thus further decreases the resonance frequency to compensate for MRI applications without compromising the footprint area.
For electrically very small systems, the circuit theory approach becomes reasonable to model the basic characteristic parameters. Hence, the Q-factor of the resonator shown in Fig. 1 can be expressed as:
where w 0 is the angular frequency, L eff is the effective inductance and R eff is the effective resistance of the resonator.
The most important component of this device is the viametallization that connects the opposite sides of the resonator between different layers, allowing for strong inductive coupling. As deduced from [24] , the approximate effective inductance and resistance of the given design can be formulated as:
where L 0 is the inductance of a single layer, n is the number of turns, and R 0 is the resistance of a single turn. By substituting (Eqn. 2 and 3) into (Eqn. 1), we obtain:
concluding that the Q-factor is increasing with the number of turns for this special structure at a constant pre-determined operating frequency [25] . Increasing the number of turns for conventional structures (e.g., spirals, solenoids and SRRs) will not linearly increase the quality factor due to lowered inductance for the consecutive turns [26] . Hence, this geometry is very special in terms of the high quality factor and builtin capacitance to be tuned to pre-determined MRI frequency. The effective parallel plate capacitance (C eff ) created between consecutive layers is also used to tune the operational frequency of this geometry to a pre-defined MRI frequency and avoids the need for the use of external capacitors, enabling ultra-thin and flexible structures. With this design, it is possible to create very large capacitance values using conventional fabrication methods to tune this structure to a broad range of frequencies to be used for different applications.
III. MATERIALS AND METHODS
Unlike wired antenna systems used in MRI, this wireless resonator does not require complicated electronics to match any input impedance level. This removes the burden of matching capacitors, resulting in more compact solutions with lowered artifacts. Tuning the resonance frequency of a wireless resonator to a pre-defined MRI frequency becomes challenging when there is no space for the lumped elements (e.g. capacitors and inductors). Regarding the engineering design, as well as geometric parameters, it is important to simultaneously achieve a low footprint area, decreased resonance frequency and higher quality factor. 
A. NUMERICAL SIMULATION ENVIRONMENT
To understand the effect of different design parameters on the resonance frequency, we used CST-Design Studio TM (Computer Simulation Technologies, Darmstadt, Germany). Fig. 2 depicts the simulation environment for the proposed structure with two ports located in the z-direction that are consecutively labeled 1 and 2.
Scattering parameters (S 11 and S 21 ) were obtained, with boundary conditions of the perfect-electrical-conductor (PEC), perfect-magnetic-conductor (PMC) and perfectly matched layer in the x, y and z directions, respectively. The simulation environment was extended with the side length of the resonator (e.g., 8 mm in this case) in all directions. Polyimide material from the library of the numerical solver was used as the dielectric layer with a variable thickness (t dielectric ), and gold (Au) was used as the metal layer with a variable metallization width (w). Both t dielectric and w were swept over a range of values to understand their effect on the resonance frequency of the resonator.
To verify the superiority of the present architecture, we simulated a 3-D body model from the library of the CST Microwave Studio TM , using a birdcage coil with a diameter of 70 cm and a length of 120 cm tuned to 123 MHz. It has previously been shown that the tissue parameters (hence, RF characteristics) of adults and children [27] and [28] and the performance levels of different solvers [29] are not considerably different from each other. Thus, we used a child's body model to decrease the computational burden as a result of the reduced tissue volume. Numerical SAR results were acquired using a time domain solver and a power loss monitor. Time-averaged SAR values were calculated by using the time derivative of the incremental energy (absorbed by an incremental mass of 1 and 10 g of tissues).
B. MRI EXPERIMENT SETUP
MRI measurements were taken using a 3 T Siemens Tim Trio System (Siemens Healthcare GmbH, Erlangen, Germany)with a body-mimicking liquid phantom composed of 2 mM copper sulfide solution (CuSO 4 .5H 2 O, with 98% purity of Merck) and 50 mM of NaCl, which mimics most tissues [30] , with a relative permittivity of approximately 60, conductivity of 0.5 S/m [31] , T 1 of 114 ms and T 2 of 82 ms. The characteristic parameters of this phantom are suitable to analyze the in vivo loading performance of the resonator. Here, initial images were acquired by using the body coil as the transmitter and the standard twelvechannel head coil as the receiver using a spoiled gradient echo sequence (also known as gradient-recalled echo, GrE), with a 100 mm × 100 mm field of view (FOV) in the transverse plane, 256 × 256 image resolution, 2 mm slice thickness, TR/TE of 100 ms/10 ms, 260 Hz pixel bandwidth, a flip angle of 10 • and total imaging duration of 29 s. To extract the experimental B As a proof-of-concept demonstration, we prepared an imaging environment with an eight-channel open surface coil array, dedicated to animal experiments, and a rabbit used for ex-vivo imaging was placed in the scanner as shown in Fig. 3 . Necessary steps were taken to follow the national laws (5199, February, 2014), ruled by the European Union Directive 2010/63/EU, for animal experiments. The rabbit was positioned on the patient bed of the scanner and transverse images were acquired for marking purposes. Images were acquired by using the body coil as the transmitter and the surface coil as the receiver with GrE sequence, 100 mm × 100 mm FOV in the transverse plane, 256 × 256 image resolution, 2 mm slice thickness, TR/TE of 100 ms/10 ms, 260 Hz pixel bandwidth, a flip angle of 3 • and total imaging duration of 29 s.
Marking precision of the marker-electrode pair was studied by using methods provided in the literature [33] . One of two pairs of electrodes was stabilized to the iso-center of a polycarbonate container and used as the reference point for MRI positioning; the second electrode pair was translated along the imaging plane (coronal) by using the grid points of the phantom-filled container. We used a GrE sequence (TR = 100 ms, TE = 10 ms, flip angle = 10 • , slice thickness = 3 mm, FOV = 220 mm × 220 mm) to acquire the position of the translated marker-pair, which was compared to the reference by using 2D Gaussian fit. The actual position was measured by using a ruler and the estimated position was obtained from the MR images for different resolutions. The errors between the actual and estimated positions of the pairs were calculated in two dimensions. Euclidian distance was obtained from these two orthogonal directions to acquire the resulting marking accuracy. 
IV. RESULTS AND DISCUSSION

A. FREQUENCY TUNING
For the constant footprint area (8 mm × 8 mm for this application), it is possible to change the parameters w, t diel , metallization thickness (t metal ), gap width (g) and comb sizes (a 1 or a 2 ). It is obvious that the thin-film capacitance mainly depends on w and t dielectric , while the other parameters affect the quality factor (e.g., t metal ) and field confinement volume (e.g. g and a 1 ). Here, we swept values of t dielectric from 1 to 10 µm and w from 0.5 to 2.5 mm with the abovementioned simulation domain parameters to acquire the resonance frequencies. Fig. 4A shows the results of the various dielectric thicknesses for a fixed w (0.5 mm). The thin-film capacitance is inversely proportional to the dielectric thickness. Thus, thinner dielectrics confine higher electric field intensities to achieve higher thin-film capacitance, resulting in lowered resonance frequency. With this dielectric thickness range, it is possible to cover the 1.5 T (e.g., 64 MHz) and 3.0 T (e.g., 128 MHz) MRI frequencies. Fig. 4B shows the resonance frequency as a function of w for a fixed dielectric thickness (t diel = 7.5 µm). The effect of w on the resonance frequency is more complicated than that of t dielectric . Increasing w increases the parallel plate surface area, resulting in increased thin-film capacitance. However, it also lowers the effective inductance [24] and the quality factor (see Eqn. 5) of the overall structure. Since the resonance frequency is inversely proportional to the multiplication of effective inductance and capacitance, it will reach a minimum due to the maximum of this product. Hence, it is important to be careful when adjusting metallization width to decrease the resonance frequency. For our case, the optimal w/a ratio is approximately 0.12 in which the resonance frequency drops to its minimum. For our experimental use, we set the w/a ratio as 0.125 (e.g., w = 1 mm for a = 8 mm) with a higher inductance value to keep the quality factor reasonably high. To finalize our design, we selected w = 1 mm, a = 8 mm, a 1 = 4.5 mm, a 2 = 2.5 mm, g = 1 mm, t dielectric = 7.5 µm (due to the thickness of Kapton HN-30) and t metal = 10 µm (due to the skin depth of EM waves at 123 MHz). Fig. 5 shows the numerical results for the scattering parameters of the proposed architecture with the above dimensions and simulation environment. The tuned structure's resonance frequency was approximately 122 MHz with a strong resonance behavior.
B. MICROFABRICATION AND RF CHARACTERIZATION
We microfabricated a resonator onto an 8 mm × 8 mm footprint area by using a Kapton R (HN 30, Dupont ,Wilmington, Delaware, USA) polyimide film with a thickness of 7.5 µm as the dielectric layer sandwiched between the metal lines. Before starting the metallization process, we cleaned the substrate with oxygen plasma. By using a hard-mask with asymmetric comb sizes (a 1 = 4.5 mm, g = 1 mm and a 2 = 2.5 mm), we thermally evaporated two 10 µm thick Ti/Au metals, on opposite sides of the Kapton R film, and additionally introduced a cross-connection via metallization through a gap in the substrate, joining opposing pairs of edges from the metallization layers on the two sides. Then, a 20 µm thick Polydimethylsiloxane (PDMS) layer was coated on both sides for electrical isolation of the conductive layers from the tissues. A microfabricated device is presented in Fig. 6A .
Experimental RF characterization of the microfabricated resonators was carried out by using standard methods provided in the literature [34] . Input impedance of the pickup coil, which has the same footprint area as the marker, was measured with a network analyzer (Agilent E5061B, Agilent, Santa Clara, California, USA). In the impedance graph presented in Fig. 6B , which was extracted from the input impedance of the pick-up coil, we find the resonance frequency of the fabricated e-marker to be 125.3 MHz with a corresponding free-space wavelength (λ 0 ) of 2.39 m. By using the full-width-half-maximum (FWHM) of the impedance graphs in Fig. 6B , we calculated a quality factor of approximately 50 for this resonance frequency. Similarly, a resonator-electrode pair was measured with the same method resulting in a loaded Q-factor of 42 that means a small decrease in the Q-factor, which is in agreement with previous results [35] . We found that the side length of the resonator (8 mm) was approximately λ 0 /300, which is one of the smallest single-chip deep-subwavelength resonators described in the literature that does not use a lumped element [26] .
Resonance frequency estimation by using numerical methods deviated only 3 MHz from the measurement results, which might be due to dielectric coefficient differences of the material available in the library. Another possible reason for this deviation is the misalignment of consecutive layers, which decreases effective capacitance. Hence, this results in an increased resonance frequency for the experimental case. These results are in good agreement with each other, indicating that the MRI frequencies for most of the clinical systems (1.5 and 3 T) are easily achievable.
Reaching lower resonance frequencies is feasible for this architecture, and tuning to higher frequencies can be accomplished by simply partially etching one of the metallization layers. We would deduce that resonance frequencies from 70 MHz to 5.5 GHz are possible by simply using the same structure, as the self-resonance frequency increases to 5.5 GHz for a single-layer loop resonator with these dimensions. The superiority of the given architecture, specifically achieving ultra-wide-band tuning performance, allows it to be used as a fiducial marker for a wide range of MRI frequencies. Fig. 7A presents the normalized surface current distribution ( J c distribution normalized to the incident magnetic field), whereas Fig. 7B shows the normalized electric field map (| E| field normalized to incident electric field) at the dielectric layer between conductive metallization layers for the resonance frequency of 123 MHz. From Fig. 7A , we can infer that the magnetic field, coupled to the resonator at its resonance frequency, causes a surface current improvement (by 25-fold for this architecture) on the metallization layers. This results in improved B + 1 field distribution, which explains the SNR improvement in the MR images.
C. NUMERICAL RESULTS FOR FIELD DISTRIBUTIONS
Using a resonator in a lossy medium (e.g., inside a biological tissue) introduces challenges due to the loading of the resonator. Lossy medium leads to a decreased quality factor and an increased SAR for the surrounding tissue. At this point, the E-field distribution, as illustrated in Fig. 7B , indicates that the electric field is confined to the dielectric layer between the metallization layers and does not spill over to the surrounding tissue. This allows for a reduction of the interaction between the proposed structure and the environment. Therefore, we would foresee that the performance of the resonator is improved in terms of loading and SAR parameters compared to conventional resonator architectures.
As depicted in Fig. 8A , we computationally calculated the normalized B through the resonator from its center, which is normalized to the simulated power. From the simulation results, we verified that the amplitudes of the B + 1 and B − 1 maps are similar, which is expected due to the nature of the reciprocal wireless passive resonator architectures. We achieved 500 µ T of the B + 1 field amplitude for a 1 kW simulated input power. Fig. 8B depicts the |H|/|E| ratio of the given e-marker for the same plane as indicated in Fig. 8A. Fig. 8B quantitatively visualizes the ratio of magnetic to electric field distributions, which should be approximately 1/η for the given numerical configuration (i.e. approximately √ 60/377 = 0.02 (A/V) for the plane wave propagation). When we move away from the resonator, we would see that the H/E ratio drops to its normal value (0.02 A/V), whereas it is almost 5 times higher (0.10/0.02) in the resonator vicinity. Since the magnetic field is proportional to image intensity and the electric field is proportional to SAR, the SNR improvement will always be more than the SAR increase for this tissue loading configuration.
Unlike conventional resonators, our proposed architecture successfully confines the E-field between its metallic layers, while increasing the B + 1 field in its vicinity to successfully achieve its marking purpose. From these results, we see that the MRI performance of the proposed structure is comparable to those of traditional wireless coils as reported in the literature [35] .
D. SAR CHARACTERIZATION WITH PHANTOM SIMULATIONS
By using the child phantom from the library of the CST, we computed the SAR distribution in the head of the given data set. Fig. 9A and 9C show the SAR maps of the imaged subject for the sagittal plane that includes the region of the highest SAR with 1 and 10 g averaging, respectively. To understand the effect of resonator, we located it at the point with the highest SAR and ran the solvers to compute secondary SAR maps, as illustrated in Fig. 9B and 9D . These results show that the SAR is increased from 1.09 to 1.91 W/kg for 1 g of averaging and 0.763 to 1.22 W/kg for 10 g of averaging. These numbers should be considered to determine the upper limit of the applied RF power for the imaging sequences for the patients with such a resonator. Within this limit, the resonator will outperform the resonator-free case by more than an order of magnitude in terms of the image intensity, indicating the substantial benefit in its usage. map of the given e-marker, which was computed using the double-angle method. Fig. 10A shows the MRI of the fabricated devices, immersed in the phantom described above, using the GrE sequence and a flip angle of 10 • . The provided MRI depicts that the signal intensity is higher in the vicinity of the resonators, which is also proportional to the B τ , where γ is the gyromagnetic ratio). Hence, the transmit field contribution to the imaging signal will be proportional to sin(α) ∼ sin(γ QB + 1 τ ) [36] . Thus, the image intensity distribution will depend on the quality factor and the B + 1 distribution due to the spatial distribution of this flip angle. Fig. 10B shows the experimental B + 1 map distribution that was computed using the double-angle method [32] . Here, we see that the B + 1 field is almost 6 times higher (12 µT/ 2 µT) in the vicinity of the resonator compared to remote points.
E. EXPERIMENTAL MRI CHARACTERIZATION
Once the spins are excited in the presence of a resonator, they emit a precise signal that is captured by the resonator and transmitted to the receiver antennas. This process, known as receive-field coupling, is proportional to the Q-factor of the resonator [37] . Hence, the overall image intensity enhancement profile will be proportional to the multiplication of these two effects. (I Q = |I 0 Q sin(α)|, here note that α is position dependent).
Marking precision results are reported in Table 1 . Here, µ x and µ z are the mean of absolute errors between the actual and measured positions in x and z directions respectively, whereas µ r is the mean error of the Euclidian distance. Increasing the resolution of the acquired images allows us to position the marker more precisely. We can infer that the sub-mm positioning accuracy using a reference marker-resonator pair can be achieved, which is comparable to previously reported results [16] .
F. SUBDURAL ELECTRODE MARKING
Subdural electrodes are commonly used in epilepsy diagnoses to successfully determine the sites for recession in the VOLUME 5, 2017 brain [38] . As mentioned earlier, clinical MRI scans are not suitable to show these electrodes due to the lack of 1 H atoms in their content. Some magnetic content could be added to these electrodes to make them MRI visible (actually darker), but this comes with a loss of data and increased artifacts near them. Positions of the non-magnetic subdural electrodes cannot be determined by MRI, so additional imaging modalities, e.g., X-ray, PET and CT, are required to correctly determine their locations. The proposed e-marker removes this multi-modal imaging effort by its high-quality resonance characteristics.
Although a detailed analysis of the safety of intracranial EEG electrodes under MRI was previously conducted [39] , their magnetic content prevents the use for GrE sequences. Hence, we fabricated an array of mimicked non-magnetic subdural electrodes. To mimic the operation of subdural electrodes, we deposited Ti/Au metals onto a 12.5 µm thick flexible polyimide film with a diameter of 4 mm and combined them with the resonators by sticking them to each other. The overall electrode-resonator pair was placed externally on the head of a rabbit as shown in Fig. 11A .
Standard gradient echo sequences with different imaging parameters were applied to verify the operation of the resonator. Although we presented the MRI that is acquired by using a flip angle of 3 • in Fig. 11B , we observed that it would be as low as 1 • or as high as 60 • for this configuration. MRIs showed that we were able to clearly mark these electrodes with resonators whereas the other electrodes without resonators could not be distinguished in the image as shown in Fig. 11A . The resulting performance of the resonators is high even in the vicinity of the electrodes. Not only is marking possible but also SNR enhancement, which can be clearly seen in Fig. 11B . By adding resonators onto all of the electrodes, it would be possible to map each electrode using only MRI. All of the complications regarding the transportation of patients, mapping of electrodes, and use of CT, PET or X-ray imaging to obtain clear positioning of electrodes can thus be resolved, and positioning efforts can be significantly simplified.
V. CONCLUSION
We proposed, designed, fabricated and successfully demonstrated an MRI-visible high-quality resonator system that is flexible, smaller and potentially biocompatible to be used for in vivo applications including subdural electrode imaging. Variants of the proposed resonator can be used in interventional MRI devices and future MRI-visible smart implants. This architecture enables miniaturization down to sub-cm sizes (8 mm × 8 mm in this work) without sacrificing its practical usage and performance. The proposed structure benefits from the high inductance of a helical ring and the high parallel plate capacitance of multiple layers for the same conductive path. Its frequency response can be conveniently tuned within sub-cm footprint limits such that the operating frequency of the resonators can be in resonance with the imaging frequencies of clinical MRI devices simply by changing the metallization width, dielectric film thickness, and number of layers or any combination of these parameters.
Although the present design causes SAR to increase by approximately 90%, without exceeding the FDA or IEC standards for most of the clinical applications, it increases SNR by over 15 times for the reported imaging practices and by approximately 5-fold for most the clinical applications. All of these results indicate that the proposed architecture holds great promise to be used in MRI to improve the image intensity and, hence, the SNR in its vicinity. The proposed architecture does not limit conventional clinical practices, such as using PET and CT for the imaging of metallic objects, or the imaging parameters such as TR and TE.
Integration of the proposed resonators with implants (e.g. subdural electrodes) during fabrication would further improve the operational reliability of the devices and allow for in vivo studies, which will be considered as a future step. Additionally, in future work, although the essential constituents of the proposed structure (Ti, Au, and PDMS) are all individually biocompatible, the biocompatibility of the overall structure should be verified before in vivo experiments.
